INTRODUCTION
For centuries, physicians have used palpation as an important diagnostic tool. The efficacy of palpation is based on the fact that many diseases cause changes in tissue mechanical properties. These changes are caused either by exudation of fluids from the vascular system into the extra-and intracellular space or by loss of lymphatic systems, as in the case of cancer. The result is an increase in stiffness or elastic modulus of the tissue. For instance, during many abdominal operations, palpation is used to assess organs, such as the liver, and it is not uncommon for surgeons at the time of laparotomy to palpate tumors that were undetected preoperatively by CT, magnetic resonance (MR), or ultrasound. This is because none of these modalities currently provide the type of information elicited by palpation. Local measurement or regional imaging of mechanical properties of tissues has a potential to offer a new method of distinguishing between tissues.
The elastic moduli of normal soft tissues can vary as much as four orders of magnitude (1, 2) . Although the literature on mechanical properties of abnormal tissues is limited, it is known that the elastic modulus, for example, of breast tumors, may differ from surrounding tissues by a factor of 90-fold. It is also known that the shear modulus of many tissues can vary in response to changes in physiologic state (1, 3) . It has been shown in various studies that the elasticity of muscle in the relaxed and contracted state can differ by greater than 100-fold (1). These observations have provided the motivation for many investigators to seek a medical imaging technology that can estimate or assess the mechanical properties of tissues. The ultimate goal in this line of research is to quantitatively evaluate the elastic parameters of the tissue at each location. However, as we discuss later, many of today's elasticity imaging methods provide a relative or qualitative measure of elasticity. This should not undermine the usefulness of elasticity imaging, because in most medical imaging modalities, even a qualitative image with good contrast and resolution can be very useful for medical diagnosis.
DEFINITIONS
In lay terms, various words such as "hardness" and "compressibility" are used in medicine to describe mechanical properties of tissues elicited by palpation. The term stiffness is also used, although stiffness has units of force per unit length, whereas elastic moduli have units of force per unit area. Young's modulus (E) describes longitudinal deformation in terms of strain (fractional change in length) in response to longitudinal stress (force per unit area). The shear modulus G relates transverse strain to transverse stress and is related to shear wave propagation in isotropic homogeneous media. The bulk modulus K of elasticity describes the change in volume of a material to external stress. Another physical property of isotropic inhomogeneous solids is the Poisson ratio ν, which is a ratio of transverse contraction per unit breadth divided by longitudinal extension per unit length. One may ask the question, "Which physical parameter corresponds most closely to the 59 characteristics felt by palpation?" In general, Poisson's ratio of tissue has a value of between 0.49 and 0.499, which means tissue is nearly incompressible (4) . This leads to a simple result that Young's modulus and the shear modulus of tissue are related by a scaling factor of three, that is, E = 3G (5) . The bulk moduli of most soft tissues differ by less than 15% from that of water, even though the shear modulus varies over a huge range. Thus, shear and Young's moduli, which have the widest dynamic range, are the most suitable elasticity parameters to measure and are probably the most closely associated with what is felt in palpation.
During the past two decades, various methods have been devised for measuring or estimating tissue elasticity. Some methods aim at quantitatively measuring physical parameters, such as the Young's moduli, and others merely provide an image that qualitatively relates to the stiffness distribution in tissue. Elasticity imaging methods all combine some forms of tissue excitation techniques with methods for detection of tissue response. Hence, it is reasonable to categorize tissue elasticity imaging methods based on their excitation and detection approaches. Keeping this in mind, the excitation methods can be divided based on their temporal characteristics into two general groups: static methods and dynamic methods. In static methods, tissue is compressed slowly and the distribution of its displacement is measured in some way [e.g., with MR, ultrasound, or optically]. The measured distribution of strain is related to the predicted distribution of stress and the resulting parameters of moduli are deduced through elasticity equations. Often in these static methods the strain alone is used as a surrogate for stiffness; that is, low strain means high stiffness and high strain results from softer or low stiffness regions. The difficulty with the static method is that it requires knowledge of boundary conditions outside of the region under investigation. On the other hand, dynamic methods rely on the wave equation, which in its differential form is local in character. Therefore, the distribution of dynamic displacement, a three-dimensional vector, and its second-order partial derivatives in time and space within a small region of the tissue is enough to completely characterize the shear moduli of the tissue in that region. As we will see later in the review, the equations for wave propagation include the shear modulus tensor (6) .
The excitation methods may also be grouped based on the spatial characteristics of the excitation. External methods apply a stress, or a compression force, on the skin to deform the tissue beneath. This is often done by a simple mechanical means, such as pressing and holding a plate on the skin (in static approach) or vibrating the skin using a vibratory device (in dynamic approach). Internal excitation methods apply the excitation internally and directly on the region of interest within tissue. Examples of the internal methods include using the radiation force of ultrasound in which a beam of ultrasound is used to generate a radiation force (3) at the focal region of the ultrasound inside tissue. This method offers the benefits of having a concentrated stress (or a point-like force) to probe the tissue point-by-point, directly and remotely within the region of interest. Hence, one may be able to avoid possible interference from the boundaries or surrounding structures. Both static and dynamic excitations are possible with the radiation force of ultrasound.
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Biological sources, such as breathing or cardiovascular pulsation, are other means for internal excitation of tissue.
Detection methods may also be divided into several groups. The main detection methods are ultrasound, acoustic, and MR. Ultrasound displacement methods are based on either Doppler measurements or simple displacement measurement using pulse-echo methods. Acoustic methods detect the sound resulting from tissue vibrations, and MR methods measure the displacement distribution in tissue using a phase-sensitive MR machine. This paper is divided into two main sections: a discussion of static methods and a discussion of dynamic methods for deducing tissue elasticity. Each discussion includes a description of internal and external methods of producing strain. Methods for measuring the displacement as well as approaches to estimate the parameters of each method are discussed.
STATIC METHODS
Radio frequency (rf) signals have been used to measure object motion since the 1940s and the development of radar and sonar. However, the role of ultrasound in the measurement of tissue elasticity began with Dickinson & Hill (7) and Wilson & Robinson (8) . They measured displacement and deformation near blood vessels by tracking echo movements that resulted from natural internal stress stimuli-cardiac contractions and pulsatile blood flow. These measurements provided descriptions of elastic tissue parameters acquired under quasi-static conditions because the movements had small amplitudes and were slow compared with the measurement time. The A-scan and M-mode analyses of endogenous tissue motion proposed 20 years ago have been replaced by improved two-dimensional (2-D) analyses (9, 10) that take advantage of advancements in ultrasonic technology.
In 1991, Ophir et al. (11) used external compression methods to form strain images under static conditions and called the method elastography. By controlling the stress field applied to the body, it became possible to image tissue deformation in large fields and thus screen patients for inflammation, hyperplasia, and fibrosis; these are important signs of the presence of early disease that manifest as regional stiffening of soft tissue. We discuss three parametric images-tissue displacement, strain, and elastic modulus-the latter promising intrinsic material characterization if the constitutive equations can be found. The literature refers to measurements acquired under static and dynamic excitation collectively as elasticity imaging. Medical applications span a range from tumor detection (12) to characterization of vascular plaques (13) and assessment of vascular health (14) to the study of skeletal muscle contraction (15) , assessment of fetal lung maturity (16) , and renal transplant rejection (17) . Today, the most common approaches to static elasticity imaging employ an external stress stimulus applied through an imaging transducer or vascular balloon.
The static imaging section has three parts. First, the basic principles of displacement and strain estimation are described. Second, the added challenges of imaging in biological media are outlined by describing a few approaches. In the remainder, we apply methods of continuum mechanics to define the physical properties of the measurement and outline diagnostic strengths and limitations.
Relationship Between Material Properties and Strain
Most of our ability to interpret material properties of biological tissues from strain images is empirically derived by combining observations with phantom experiments and mathematical and numerical models (18, 19) . Intrinsic material properties of tissues are inferred from measurements of stress and strain through a constitutive equation. These equations can be derived for simple experiments, so a common approach to biological imaging is to control boundary conditions to the extent possible.
The stimulus function is a small amplitude strain, e.g., a small compression of the body with the imaging transducer. Infinitesimal mechanical stimulus of a material originally at rest ensures strong echo coherence 1 for ultrasonic measurement and allows us to model the stress response using the simple linear-elastic relationship σ i j = C i jkl γ kl , where σ i j and γ kl are second-order stress and strain tensors (matrices) and C i jkl is a fourth-order modulus tensor. We simplify the analysis by assuming isotropic material properties, thus imposing maximum symmetry on the 9 × 9 modulus tensor to reduce 81 coefficients to just 2 unique material constants, K and G. These are described below. The generalized Hooke's law expression that emerges for this medium under static equilibrium is
where δ i j is a Kronecker delta (1 for i = j and 0 otherwise). We can recover the proportionality between stress and strain by expressing each as the sum of a mean normal tensor and a deviation from the mean, σ i j =σ i j + σ i j and γ i j =γ i j + γ i j (20) . Because the applied strain is small, Equation 1 can be separated into two expressions:σ
where the amount of strain ε i j for a simple mechanical shear is related to the shear tensor by ε i j = 2γ i j (19) . The first expression of Equation 2 describes the change in volume of the medium; the associated material property is the bulk modulus K. The second equation describes the change in shape of the medium; the material property is the shear modulus G. These are referred to as fundamental moduli because they characterize intrinsic material properties of homogeneous, isotropic, linear-elastic media under static equilibrium. 1 In ultrasound static methods for elasticity imaging, the displacement is commonly measured by correlating the echoes reflecting from each scattering point in the object before and after compression. Echo coherence refers to the similarity of such echoes, which is crucial for precise displacement measurement.
A typical static breast-imaging situation has the rigid planar transducer surface compressing the skin surface in the direction of the sound beam axis against a rigid chest wall. Other boundaries are free to move. Over a small tissue volume below the transducer, the following stress and strain tensor matrices describe an ideal uniaxial compression and a medium that expands in directions perpendicular to the axis of compression:
For this experiment, two derived moduli are found from the fundamental moduli via Equations 2 and 3. These are the elastic (Young's) modulus E = σ 11
The high water content of biological tissues means that they change shape easily when compressed but the volume is conserved. Consequently, K G, ν ≈ 0.5, and E ≈ 3G.
These expressions explain three important aspects of static imaging under ideal conditions. First, incompressible media undergoing uniaxial compression are characterized by just a single parameter, E. With a modest precompression of the tissue to minimize blood in the vessels, the assumption of incompressibility is apparently reasonable. Second, the fundamental material property determining the appearance of a static strain image is the shear modulus G. Third, to infer elastic modulus distribution directly from a strain image requires that the stress field in the medium be constant with position, as in Equation 3 . Of course, the most interesting tissues are elastically heterogeneous. Spatial variations in stiffness impose additional boundary conditions that invalidate the central role of E in characterizing stiffness. In this case, stress and strain tensors vary with position.
Clearly, internal and external boundaries have significant influence on static strain images. Equation 1 is no longer even approximately valid near boundaries where measurement conditions and the material properties equally influence the image. Some investigators have attempted to minimize boundary effects and obtain measurement-independent images by estimating both stress and strain fields for the experiment summarized by Equation 3 , and reconstruct modulus images (17) . Stress measured directly at the boundaries may be estimated throughout the field by iterative techniques (18) . A spatially varying constitutive equation is required in an adaptive reconstruction algorithm able to represent the structural complexities of biological tissues. From an image quality perspective, modulus images do reduce the boundary effects, yet they seem to have lower spatial resolution than strain images. Task performance must be evaluated to assess relative merit. Some investigators believe it is best to use the higher-resolution strain images, but train observers how to interpret patterns and artifacts associated with the strain images.
Dynamic methods are limited by the ability to propagate shear waves deep into the body. Static methods have the opposite problem in that movement of any point in the object will affect all other points.
INDEPENDENCE OF B-MODE 2 AND STRAIN IMAGES
A strength of static techniques is that strain images are spatially registered to B-mode images as a result of image formation (see Companding, below). The image formation process spatially correlates B-mode and strain pixels. Are the material properties of tissues that give rise to B-mode and static strain images independent? If so, then strain images provide new diagnostic information. The answer from linear elastic theory shows the properties are independent as follows.
The elastic modulus E emerged naturally from a uniaxial static strain stimulus, Equation 3 . We now examine a modulus derived from a different experiment. Imagine a situation where a force applied along one spatial axis causes a deformation in the same direction without expanding or contracting the medium perpendicular to the direction of force. This occurs when the medium has rigid boundaries or when an ultrasound wave travels through the body. The stress and strain tensor matrices for this experiment are
The wave modulus is defined as W = σ 11 /γ 11 = K + 4 3 G, and the ratio of lateral to imposed stress (no specific name) is σ 22 /σ 11 = (3K − 2G)/(3K + 4G). The incompressibility of tissues means that the stress is isotropic, σ 11 = σ 22 = σ 33 , and W ≈ K . Consequently, bulk modulus is the material property that determines wave propagation and scattering in tissues, whereas the shear modulus is the material property that determines static strain patterns from uniaxial compression. Although image formation correlates B-mode and strain images, the underlying physics is independent, suggesting an adjunct relationship between the two.
Displacement and Strain
The simplest ultrasonic strain measurement is to couple a transducer to the body and acquire one time-gain-compensated rf echo signal g(t) of duration T. The transducer is then pressed into the body a few millimeters along the beam axis and a second echo signal g (t) is recorded. Signal g is multiplied by a window function w(t) and cross-correlated with g windowed similarly. Displacement of the tissuê u z (t) at a point corresponding to time t along the sound beam axis is estimated from the time lag at the peak of their correlation functionτ , namely,
where t 0 is an integration variable, t is the time corresponding to the location of the window,û z (t) = cτ (t)/2, and c is the longitudinal speed of sound. The window is then incremented in time to t + t and the process is repeated N = T/ t times to estimates the local displacementsû z (n t) for 0 ≤ n ≤ N . Strain is the spatial derivative of displacement along the axis of the ultrasound beam,
A strain image is formed by analyzing M waveforms in the echo frame acquired along the x-axis and separated by the lateral distance x,ε[n, m] = dû z (n t, m x)/dz. This is referred to as longitudinal strain when the derivative is taken along the beam axis, which is parallel to the direction of the applied strain stimulus. The pixel size is (c t/2 × x)mm 2 . Ultrasound beams are modulated in the direction of wave travel, which is primarily along the beam axis. Therefore, ultrasound is most sensitive to movement along just one coordinate axis. A major advantage of MR techniques over ultrasound is the sensitivity of the former to motion in three dimensions with high-speed volume acquisition.
IMAGE FORMATION
The basic strain image is formed from two rf echo fields acquired before and after the tissue is deformed. Direct application of the onedimensional (1-D) correlation methods described above to biological imaging often results in large displacement and strain uncertainties. The problem is that high displacement gradients and out-of-image-plane tissue motion act to lower the correlation coefficient between echo frames {g m (t)} and {g m (t)}. Once the correlation coefficient falls below 0.9, which often occurs for strains greater than 0.01, the uncertainty in determining the cross-correlation peak from noisy echo signals increases significantly (17) , and the images become overwhelmed by decorrelation noise. Large tissue deformation improves lesion contrast and increases decorrelation noise. Consequently, the large object contrast for detecting disease-a major advantage of elasticity imaging-creates a dynamic range too large for correlation analysis. For example, an applied breast compression of 0.01 (1% of the tissue thickness) can generate local strains of 0.03-0.05 because lipid at body temperature is orders of magnitude softer than glandular structures. For reasons similar to mammography, breasts are preloaded (compressed before imaging) 10% to 20% before imaging to reduce the large dynamic range for stiffness. Figure 1 illustrates the improvement in image quality obtained using tissue preloading to reduce the dynamic range. An ex vivo kidney mounted in a gelatin block was compressed 2.4% of the 7-cm block height without preloading (left) and with a 10% preload (right). Without preloading, the center of the kidney acquired most of the displacement, thus lowering the gel-kidney contrast and producing decorrelation noise in the soft (white) center. A 10% preload increased contrast and decreased decorrelation noise. Also, the outer renal cortex became stiffer after preloading as compared with the gel. Because gelatin has a linear stressstrain curve, this image shows that kidney tissue, like most biological media, are nonlinear over a strain range greater than 0.1.
Figure 1
Strain images that demonstrate the importance of preloading to reduce the dynamic range of object stiffness. A 10% compression of the kidney before imaging increases contrast and reduces decorrelation noise.
One effective means of obtaining a high-contrast, low-decorrelation-noise image under conditions of large dynamic range is to acquire many frames of echo data while slowly deforming the tissue (21) . Local displacements between sequential frames are much smaller than the pulse length. Interframe strains are then summed into a composite image that minimizes decorrelation errors while increasing strain contrast. However, echo noise increases with contrast while summing images, and the small deformations between frames reduces spatial resolution because of a small misregistration.
COMPANDING Chaturvedi et al. (22) developed companding (signal compression and expanding) methods similar to those developed for radar and sonar applications (23) . This approach conditions the data before correlation to allow larger planestrain deformations without decorrelation while minimizing additive echo noise or losses from misregistration. Chaturvedi et al. (22, 24) developed an algorithm for imaging with applied strains as large as 0.05. It measures local displacements from 1-D and 2-D correlation lags determined at three spatial scales. First, the coarsest estimates of displacement are used to measure the overall displacement and average strain in the plane applied to one frame with respect to another. The envelope of the echo signal is analyzed to eliminate phase ambiguity errors. Echo data in the frame {g m (t)} is then rearranged (warped) in two dimensions to mimic the average physical deformation applied to the postdeformation frame {g m (t)}. Equivalently, {g m (t)} can be warped to match {g m (t)}. The process of detecting overall movement and then warping echo signals to compensate is known as global companding. Second, 2-D displacements measured at an intermediate-sized spatial resolution (several millimeters) are measured and used to warp {g m (t)}, again via a local companding process. Finally, displacements are measured at the highest spatial resolution by 1-D axial correlation of twice-companded echo frames. Displacements measured at each stage of the process improve the condition of the data for displacement estimation at higher resolution (25) . Other image processing techniques, e.g., iterative adaptive meshing (26) and optical flow (27) , improve displacement and strain image quality further at higher computational cost.
STRATEGIES FOR IMAGING Many of the above assumptions regarding biological media and the imaging experiments that are required to simplify interpretation are violated in practical situations. In our modeling, we assume an infinitesimal strain stimulus is applied to the tissue so the medium response can be neatly separated into two terms dominated by the bulk K and shear G moduli. This guides our understanding of which tissue properties influence strain images and the relationship to ultrasonic images. In practice, we often apply larger strains to increase lesion contrast assuming waveform coherence can be maintained, because we are willing to sacrifice direct interpretation of strain images in terms of material properties when lesion detection is the objective of the study.
Many soft biological tissues, however, are generally nonlinear-viscoelastic over normal physiological strains (18) . For example, the right side of Figure 2 gives force versus indentation-depth curves (proportional to stress-strain) for skeletal muscle subjected to a harmonic strain stimulus (0.02 Hz) (28) . We see that the curves are nonlinear over a 3-mm indentation depth for 20-mm tissue cubes; the hysteresis demonstrates a complex shear modulus with storage and loss components, suggesting viscoelastic behavior; and the muscle is softer along the fibers than across the fibers, demonstrating classic transverse-isotropic behavior (19) . The smoothness of the curves implies that the behavior after applying strains less than 0.01 is linear-elastic, although the stiffness of the object (and hence image contrast) varies depending on the preload. Phantom hydrogels (Figure 2, left) are clearly isotropic, linear-elastic media (E = 35 kPa) for a harmonic stimulus, even at relatively large amplitude. However, gels will exhibit viscoelastic behavior for other stimuli. The boundary conditions and stimulus function are key elements determining the constitutive equations and, thus, which material properties are measured in strain images. The situation is similar to magnetic resonance imaging, where repetition and echo times influence image contrast.
The behavior of muscle to a harmonic stimulus suggests a strategy for breast imaging. Krouskop's measurements, like the one described above, were made on surgical specimens to measure an elastic modulus for various types of human breast tissues (Figure 3 ). These curves summarize data from 50 tissue samples taken from a subset of a larger study (29) . Malignant and benign lesion tissues are stiffer (higher instantaneous slope) than normal tissues and have a highly nonlinear response. The approach to breast imaging is to first preload the tissue with 0.1 strain and then image with an additional 0.01 strain. Then, increase the preload to 0.25 and image again similarly. As we saw with renal parenchyma in Figure 1 , the breast data in Figure 3 suggest that lesions will appear darker in images with larger preloads because of nonlinear mechanical properties. Each image is acquired under linear conditions, but comparison of images acquired with different preloads exploits the nonlinear properties to enhance lesion detection.
DYNAMIC METHODS
The dynamic methods can be divided into two groups; those that utilize motion produced from external forces on the body and those that utilize motions of the tissue produced by internal vibrations.
We begin with the equations of motion of materials to describe the relationships between material properties and displacements measured during wave propagation in tissue.
In general, tissues are anisotropic, nonhomogeneous, and viscoelastic. Therefore, the elastic moduli would best be represented as complex quantities within a fourth-order tensor. In current elasticity studies, this tensor is simplified by assuming tissues to be isotropic and locally homogenous, and therefore the fourth-order tensor turns into two terms, G, the shear modulus, and K, the bulk modulus, as described in the following section.
Equations of Motion
The mechanical quantities we wish to characterize are those relating strain to stress. A linear viscoelastic or Hookian relationship between these is a good assumption because the displacements in these mechanical methods are usually very small (on the order of a few microns). In the general case, stress and strain are related by a rank 4 tensor with up to 21 independent quantities. If one assumes that the material is isotropic, this tensor reduces to two independent quantities, the Lame constants λ and µ, where λ = 3K −2µ 3
, where µ = is the shear modulus and K is the bulk modulus. We begin with the general equation for harmonic motion in an isotropic, linearly elastic medium (30):
where indices after a comma indicate differentiation with respect to the index variable. Solving Equation 7 requires full three-dimensional (3-D) displacement measures in a 3-D volume because the equations for the individual components are coupled. If we assume homogeneity inside a local volume, λ and µ become single unknowns instead of functions of position, and Equation 7 becomes an algebraic matrix equation that can be solved locally (d is the complex displacement as a column vector):
In soft tissues, λ µ [typically by 10 4 or more (4)]. This makes it difficult to estimate both parameters simultaneously, but it also effectively decouples the two terms. Various assumptions to remove λ and its effects from the equations have been described (4, 31) . The simplest is to assume incompressibility (∇ · d = 0), a good assumption for most soft tissues and organs that are much larger than the resolution of the imaging or measurement system resolution. The equation then simplifies to the Helmholtz equation:
Importantly, the terms involving components in the different orthogonal directions are now decoupled, and each component satisfies the equation separately. Thus, measurements in only one direction within a 3-D volume suffice to determine µ.
For harmonic motion, the Lame constants are complex quantities, with the imaginary parts representing attenuation for a viscoelastic medium. For harmonic motion, the damping term can be denoted as µ = µ r + iµ i = c + iωη (32) . With no attenuation, the shear modulus is
where f mech is the mechanical driving frequency, f sp is the spatial frequency, and v s is the shear wave speed (or phase velocity). We assume that ρ ≈ 1.0 g/ml for all soft tissues (32) . The wave speed and attenuation in soft tissues are normally functions of frequency (33) . In the next few sections, we describe several processing methods that estimate moduli from measurements of displacement.
Local Homogeneity
The assumption of local homogeneity was invoked in the derivations above. This necessarily implies inaccurate results near region boundaries and a resolution limit on the order of the window size. However, the local window can be as small as desired, subject only to increased noise in derivative estimates. Iterative finite element-based techniques have been developed that do not make this assumption (34) , but calculation times (especially in 3-D) are extremely long. Such techniques must also estimate derivatives with local windows across boundaries, and tend to be more sensitive to noise, so it is unclear whether they will in fact yield better results than those that assume local homogeneity. These methods assume global motion induced from the surface of the body. However, the radiation pressure (35) produced by focused ultrasound can produce very localized motion resulting in a different set of equations that can be solved ingnoring boundaries.
DYNAMIC METHODS (EXTERNAL VIBRATION) Ultrasonic Methods
In 1987 and 1988, Lerner & Parker (36, 37) reported displacement measurement methods of making ultrasound images that were weighted towards stiffness. They termed their approach sonoelasticity. The approach combines external mechanical stimulation of target tissues with Doppler ultrasound displacement detection to map the relative tissue motion. The concept is that stiff tissues will respond differently to an applied mechanical vibration than softer tissues. In the sonoelasticity method, the external vibration propagates through tissue and the motion of the tissue is detected from the Doppler signal. The Doppler shift of an ultrasonic wave scattered from an object with sinusoidal varying position is given by a FourierBessel series of equally spaced harmonics above and below the Doppler carrier frequency, as is described by Holen et al. (38) . Using color Doppler imaging, one can detect regions of high stiffness from the distribution of low-velocity color. One of the difficulties of this approach is that diseased tissue is often stiff and therefore is represented by a hole in the resulting sonoelasticity image. However, absence of signal also produces a hole; therefore, absence of signal is used to represent presence of a target, which places the user in a difficult position when detecting targets in noise.
In 1987, Krouskop et al. (39) proposed a method to estimate mechanical properties at desired points inside the tissue in which a low-frequency vibration was applied to the surface and the wave velocity inside the tissue was measured by using simultaneously transmitted ultrasonic waves. This was a 1-D method that measured the propagation of waves externally instituted. Yamakoshi et al. (40) presented a method in which not only the amplitude but also the phase distribution of low-frequency vibration within the tissue resulting from forced surface vibrations was measured. Low-frequency vibration around several hundred Hz was applied from the surface in a manner similar to Krouskoup's method. However, both the amplitude and the phase of the internal vibrations were measured from Doppler frequency modulation of simultaneously transmitted probing ultrasound waves. From these measurements, propagation of low-frequency vibrations inside the sample is observed. Equation 4 was used to solve for the modulus. This equation is correct when viscosity of the medium can be neglected. However, with high viscosity the velocity changes depending on the frequency of vibration, and these dispersive properties reflect the viscous characteristics of the medium. Therefore, information about viscoelastic properties of the medium is obtained by measuring wave phase velocity as a function of frequency. The relationship among transverse wave velocity, absorption, and µ are shown in Equations 11 and 12.
Yamakowshi et al. (40) were able to obtain relatively stable measurements of material properties from the wavelength of the propagating shear waves. It is to be noted that in this experiment, the longitudinal and shear waves were decoupled merely because the imaging system was so slow that the propagating longitudinal waves were so fast as to be unmeasurable. Therefore, the slow speed of their imaging system in which Doppler was used to measure the phase and amplitude of the propagating shear wave separated the wave equations into the longitudinal and shear waves. This trick is also used in magnetic resonance elastography, described later.
Magnetic Resonance Measurement Methods
Another approach to measuring material properties using external vibration but in which the displacement measurements are made with magnetic resonance is called magnetic resonance elastography (MRE) (41) . In this approach, phase-sensitive magnetic resonance methods are used to measure displacement distributions asynchronously with an external vibrator. Using this technique, the equations derived in the Dynamic Methods section can be solved locally. There are many methods for solving these equations, ranging from direct inversion to the use of test functions (6) . By using MR to measure displacement in three dimensions, the full 3-D wave equation can be solved locally for material properties. Methods used solving for elastic properties using MRE measurements of displacement are described next.
LOCAL FREQUENCY ESTIMATION (LFE)
One of the earliest processing approaches was based on estimating the local spatial frequency of the shear wave propagation pattern, using an algorithm that combines local estimates of instantaneous frequency over several scales (29, 42, 43) . It can be shown that LFE is solving the Helmholtz equation under the assumption of no attenuation, so it can also claim to be based on the equations of motion. 
ALGEBRAIC INVERSION OF THE DIFFERENTIAL EQUATION (AIDE)
then the pseudo-inverse solution is given by:
where A * is the conjugate transpose of the matrix A. Other versions of AIDE with other treatments of the longitudinal wave are given in Reference 4. Each version requires all three components of motion.
DIRECT INVERSION (DI)
The further assumption of incompressibility, Equation 9 , allows estimation of µ from any single component of motion through simple division of the displacement by its spatial Laplacian:
This equation is also valid for out-of-plane shear motion in 2-D imaging if one assumes that all derivatives in the out-of-plane direction are negligible (4) . In practice, AIDE and DI require data smoothing and the calculation of accurate 72 GREENLEAF FATEMI INSANA second derivatives from the noisy data. This is done in the usual way by filtering with both a smoothing function, such as a Gaussian, and with the second derivative of the smoothing function.
MATCHED FILTER (MF)
The matched filter (MF) algorithm uses an adaptive smoothed MF and its Laplacian to perform the above division. It was recently derived as a solution to minimizing the uncertainty in the estimate of µ in the face of random noise. Because the filter varies at each data point, the computation times are significantly longer than DI, but initial results appear promising (44) . Romano et al. (45, 46) have suggested using the weak (variational) form of Equation 10 above and virtual test functions to estimate the Lame coefficients. The representation
VARIATIONAL METHOD (VM)
is derived [Equation 19 , (23)], where σ ij is the stress tensor; i,j = 1,2,3; ρ the density; ω the mechanical frequency; u i the displacement; ζ i the virtual test functions; and m the volume of a local window. The test functions are chosen so that they and their first derivatives vanish at the local window boundaries, removing all effects of surface forces. Integration by parts is used to shift the derivative operations from the noisy data to the smooth test functions. Equations similar to Equation 10 above are derived and solved in a similar pseudo-inverse way. In the incompressible case, this is equivalent to direct inversion with specific conditions on the smoothing filter. All the processing techniques above have been implemented both in 2-D and in 3-D. All the techniques are based on the underlying equations of motion and depend simply on the presence of motion in a region. In particular, complex interference patterns from reflection, diffraction, etc., pose difficulties only to the extent that they contain areas of low amplitude, and thus low SNR.
Currently, the remaining problems with these methods are that in general the homogeneous wave equation is used and therefore it fails at edges between tissues of different properties.
DYNAMIC METHODS (INTERNAL VIBRATION)
There are several approaches to producing tissue motion using internal vibration. These approaches are divided into two general groups: natural motion and forced motion. Measurement of natural motion of tissue has been done using correlation techniques for relating tissue motion induced by breathing or cardiac motion to the diseased state of the tissue (47) (48) (49) . One of the difficulties with this approach is that the distribution of stress is unknown.
An internal approach to causing tissue displacement is to use the radiation force of focused ultrasound. This method was probably first suggested by Sugimoto et al. (50) . The investigators used the radiation force of focused ultrasound to generate localized deformation of the tissue, and the deformation was measured as a function of time by pulse echo methods. They developed an empirical means of fitting exponential decay parameters to the recoil displacement of the tissue after the termination of the radiation force and discovered that resulting variations in the recoil rate were related to the stiffness of the material. Although their method was not quantitative, it did indicate an approach, followed subsequently by several investigators, for using radiation force as a means of producing localized displacement and subsequently estimating modulus (51) .
In 1995, Rudenko et al. (52) wrote a paper describing the production of radiation force in tissues. In the paper, they described the contribution of tissue nonlinearity to the radiation force in homogeneous tissues of low, moderate, and high attenuation. Sarvazyan et al. later described methods (3) in which they used radiation force to induce shear waves propagating away from the focus of high-intensity focused ultrasound. These shear waves propagated several wavelengths, and using Equation 3 enabled the investigators to estimate the shear modulus. This method has been the source of other methods, such as that described by Nightingale et al. (53) in which radiation force has been used to displace tissues within the breast. The resulting motion, measured with correlation methods applied to scattered ultrasound, has been evaluated for the estimation of material properties in the tissue. Nightingale et al. (51) have also used a method for causing streaming within cysts to evaluate whether the cyst was solid or fluid filled. In both of these methods, the induction of radiation force is caused by high-intensity focused ultrasound, and the measurement of displacement is either with ultrasound or with magnetic resonance methods. Recently, Wu et al. (54) have shown that high-intensity focused ultrasound-induced motion can be detected reliably within excised tissues and agar phantoms. The resulting displacement can be a surrogate measurement of stiffness. In recent work, Sandrin et al. (55) have developed methods for inducing shear waves produced from impulsive forces on the surface of the body. Displacement of the shear wave as it propagates into the body is then imaged using a high-frame-rate (5-10,000 frames per second) imaging system. Resulting distributions of wave propagation are used to estimate stiffness using some of the methods described above for magnetic resonance elastography.
A recent approach to measuring tissue properties using radiation force or internal-induced displacement of tissue is that of ultrasound-stimulated vibroacoustography (56) . Ultrasound-stimulated vibro-acoustography uses ultrasound radiation force to exert a localized oscillating stress field at a desired low frequency (normally at kHz range) within or on the surface of the object. In this method, the dynamic radiation force is produced by the focused continuous-wave ultrasound beams at slightly different frequencies. The two beams are focused at the same point in the object. Interference between the two beams produces a radiation force oscillating at the difference frequency. In response to this oscillating force, the object vibrates, resulting in an acoustic radiation field. The acoustic field resulting from object vibration (that is, acoustic emission) is detected by a sensitive hydrophone and used to form an image of the object as the focal point of the radiation pressure is scanned within the object. Vibro-acoustic imaging benefits from the high-spatial definition of ultrasound radiation force and the high motion detection sensitivity offered by the detection of the acoustic field with the hydrophone. In this method, the acoustic response depends not only on the stiffness of the object, but also on other mechanical parameters that define the dynamic response of the object at the excitation frequency. Hence, in principle, one can use this method to investigate the dynamic response of tissue. Fatemi & Greenleaf (56) have applied vibro-acoustography to image calcifications in arteries (Figure 4 ). Calcifications that are stiffer than the surrounding soft tissue demonstrate distinctively different response and, hence, are contrasted in the image. Vibro-acoustography has also been used for imaging microcalcifications in breast tissue (57) . Konofagou et al. (58) have described a method using vibro-acoustography to estimate the stiffness of tissues after high-intensity focused ultrasound-induced denaturization of the tissue proteins. She used the same high-intensity focused ultrasound transducer to vibrate the tissue using vibro-acoustography and estimated variations of tissue stiffness as a result of temperature change from the amplitude of vibration, thus providing a means for monitoring high-intensity focused ultrasound treatment of tissues. Chen et al. (59) recently solved the equations of motion for small scatterers, such as microcalcifications within the breast. By causing microspheres to vibrate using ultrasound radiation pressure and measuring their resonance curves (velocity versus frequency) they were able to accurately measure the complex shear modulus within gel phantoms.
Elasticity imaging provides diagnostic information about early disease processes that is not available with other biomedical imaging techniques. Researchers have just begun to understand the complex biomechanical nature of soft tissues as they interact with ultrasound signals. As our understanding develops, so will our ability to produce high-quality diagnostic images and to provide a complete interpretation of the results with respect to material properties of the body.
SUMMARY
Elastic properties of tissue are often associated with tissue state and may be used for diagnosis. Tissue elastic properties that relate to what is felt by hand during palpation can be measured by straining the tissue at low or high frequency and simultaneously measuring the displacement. Dynamic or static tissue displacements are measured using ultrasound or MRI. Models of elasticity and elastodynamics are used to relate the strain to material properties. Two-and three-dimensional estimates of elastic properties can then be estimated. In medical imaging, elasticity images are often presented as a qualitative display of tissue elasticity. Future efficacy of the elasticity measurement/imaging methods in medicine depends on image contrast and resolution in addition to acquisition speed and cost.
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